Länne T. In vivo estimation of the contribution of elastin and collagen to the mechanical properties in the human abdominal aorta: effect of age and sex. J Appl Physiol 110: 176-187, 2011. First published November 11, 2010 doi:10.1152/japplphysiol.00579.2010.-The mechanical properties of the aorta affect cardiac function and are related to cardiovascular morbidity/mortality. This study was designed to evaluate the isotropic (mainly elastin, elastiniso) and anisotropic (mainly collagen, collagenani) material parameters within the human aorta in vivo. Thirty healthy men and women in three different age categories (23-30, 41-54, and 67-72 yr) were included. A novel mechanical model was used to identify the mechanical properties and the strain field with aid of simultaneously recorded pressure and radius in the abdominal aorta. The magnitudes of the material parameters relating to both the stiffness of elastiniso and collagenani were in agreement with earlier in vitro studies. The load-bearing fraction attributed to collagenani oscillated from 10 to 30% between diastolic and systolic pressures during the cardiac cycle. With age, stiffness of elastiniso increased in men, despite the decrease in elastin content that has been found due to elastolysis. Furthermore, an increase in stiffness of collagenani at high physiological pressure was found. This might be due to increased glycation, as well as changed isoforms of collagen in the aortic wall with age. A marked sex difference was observed, with a much less age-related effect, both on elastiniso and collagen ani stiffness in women. Possible factors of importance could be the effect of sex hormones, as well as differing collagen isoforms, between the sexes. human; stiffness; artery; stress; strain THE COMPOSITION AND REMODELING of the aortic wall is affected by genetic predisposition, mechanical stimuli, age, and vascular disease, which, in turn, affect the mechanical behavior (4, 38, 50). The cardiovascular system is affected by aortic function in several ways, e.g., increased aortic stiffness, induces increased pulse-wave velocity, causing premature return of reflected pulse waves in late systole, increasing central pulse load, myocardial oxygen demand, and workload of the left ventricle (28). Thus associations between aortic stiffness and left ventricular hypertrophy, as well as cardiovascular morbidity/mortality, have been found (28).
THE COMPOSITION AND REMODELING of the aortic wall is affected by genetic predisposition, mechanical stimuli, age, and vascular disease, which, in turn, affect the mechanical behavior (4, 38, 50) . The cardiovascular system is affected by aortic function in several ways, e.g., increased aortic stiffness, induces increased pulse-wave velocity, causing premature return of reflected pulse waves in late systole, increasing central pulse load, myocardial oxygen demand, and workload of the left ventricle (28) . Thus associations between aortic stiffness and left ventricular hypertrophy, as well as cardiovascular morbidity/mortality, have been found (28) .
The aortic wall is multilayered, with elastin, collagen, and, to a lesser extent, smooth muscle cells, proteoglycans, fibronectin, and fibrillin contributing to the mechanical properties of the wall (17, 36) . In vitro models enable detailed study on the contributions of elastin and collagen to the mechanical behavior of the arterial wall (33, 57) . However, the information is confounded by postmortem changes, lack of sympathetic innervation and circulating hormones affecting the wall, loss of periadventitial tissue, and vessel attachment to surrounding tissue that may change mechanical properties (32, 36) . In vivo techniques are thus preferable. Pulse-wave velocity and echo-tracking ultrasound have been widely used to study both regional and local aortic stiffness (37) . It is concluded that aortic stiffness increases with age (50) , and there may also be sex differences with an increased stiffness in men (1, 27, 50) . These techniques consider only a global estimation of the vessel wall elasticity, with no information on specific characteristics of elastin and collagen. Recently, however, a novel in vivo technique has been developed in our laboratory in which a set of parameters are computed and characterized from the nonlinear deformation and material behavior observed for arteries, which may be used to estimate the contributions of elastin and collagen on the mechanical behavior of arteries in humans (45, 52) .
The aim of the study was to quantify the mechanical properties of the abdominal aorta in humans in vivo. Furthermore, we hypothesized that there are age-specific changes in mechanical properties of the abdominal aorta due to changes in elastin and collagen, and that the impact of the collagen fraction on wall stiffness is much more prominent in men than in women during aging.
MATERIAL AND METHODS
Material. The study was approved by the Ethics Committee at Lund University. All subjects gave informed consent, according to the Helsinki declaration.
Thirty healthy Caucasian subjects (15 men and 15 women, age 23-72 yr) were studied, of whom five men and five women were recruited in each of three age categories: young (23-30 yr), middle-aged (41-54 yr), and elderly (67-72 yr). All were nonsmokers, without hereditary factors regarding aneurysmal disease. None had a history of cardiopulmonary or cerebrovascular disease. The ankle brachial index was Ն1, and no subject had a history of peripheral vascular disease. None was taking any regular medication. The women had no hormonal replacement therapy.
Noninvasive monitoring of diameter changes. The method for noninvasive monitoring of pulsatile diameter changes (⌬D) in the distal abdominal aorta has been described previously (25) . Briefly, we used an electronic echo-tracking instrument (Diamove, Teltec AB, Lund, Sweden), interfaced with a real-time ultrasound scanner (EUB-240, Hitachi, Tokyo, Japan), and fitted with a 3.5-MHz linear array transducer. An echo-tracking phase-locked loop circuit restores the position of an electronic gate relative to the moving echo. The discrete compensatory steps of the gate yield the echo movement per unit time. The instrument is equipped with dual echo-tracking loops, which makes it possible to track two separate echoes from opposite vessel walls simultaneously. The differential signals between them instantaneously indicate any change in vessel diameter. The smallest detectable movement is 7.8 m, the repetition frequency is 290 Hz, and the consequent time resolution is ϳ1.2 ms. The coefficient of variation for static diameter is 5% and for pulsatile ⌬D 16% (15) . The abdominal aorta between the renal arteries and the bifurcation was visualized in a longitudinal section on the real-time image of the ultrasound scanner, and the measuring point for pulsatile ⌬D was selected 3-4 cm proximal to the aortic bifurcation.
Invasive blood pressure measurements. Invasive blood pressure was obtained in the abdominal aorta with a 3-F (SPC 330A) or 4-F (SPC 340) micromanometer tip catheter (Millar Instruments, Houston, TX) or with a fluid-filled catheter system (pressure monitoring kit DTX ϩ with R.O.S.E, Viggo Spectramed, Oxnard, CA). When compared, the two systems showed no difference in amplitude (Blood Systems Calibrator, Bio Tech Model 601 A, Old Mill Street, Burlington, VT). With local anesthesia in the groin, the pressure catheters were inserted with Seldinger technique through the right femoral artery. The catheters were positioned with ultrasonic guidance in the infrarenal abdominal aorta just distal to the selected point of pulsatile diameter measurement, i.e., at the midpoint between the renal arteries and the aortic bifurcation.
A data-acquisition system containing a personal computer type 386 (Express, Tokyo, Japan) and a 12-bit analog-to-digital converter (Analogue Devices, Norwood, MA) was included for the simultaneous monitoring of the arterial blood pressure and vessel diameter. Pressure was sampled at the same rate as the diameter (Fig. 1) . The curves could be registered for a maximum time of 11 s. The sampling frequency was 290 Hz.
Mechanical model. To compute the material parameters, we use a novel method presented in Stålhand (52) (see APPENDIX). The method comprises a signal processing routine and a mechanical model. The signal processing routine preconditions the measured signals by removing noise and computes an average pressure-radius loop from the registered signals (Fig. 2) . The result is subsequently fed into the mechanical model, and material parameters describing the geometry and the material properties for the arterial wall are computed by a nonlinear curve fitting. The nonlinear curve fitting can be summarized in the following steps (Fig. 2) .
1) The mechanical model first determines the average stresses in the arterial wall using the pressure-radius loop and an estimation of the cross-sectional area (A) of the aortic wall, together with Laplace's law. The cross-sectional area A is obtained by recalculating data from Åstrand et al. (4) .
2) The mechanical model then computes a second set of stresses using continuum mechanics and the pressurized radius (19) . These stresses, however, become dependent on the parameters c, k1, k2, ␤, R0, and z described below.
3) Values for the parameters are, finally, obtained in a parameter identification process by tuning the second set of stresses to the average stresses computed using Laplace's law. The parameter identification can be done using standard nonlinear minimization procedures, for instance the function fmincon in Matlab (The MathWorks, Natick, MA) (19) .
The following parameters are determined with the mechanical model.
Parameter c is a material parameter relating to the stiffness of the isotropic materials, mainly elastin (elasiniso), but also proteoglycans, fibronectin, fibrillin, and hyaloronan. Note that c is not equal to the slope of the stress-strain curve; the slope also depends on the strain, since this is a nonlinear material. However, c is a constant and thus independent of the pressure.
Parameter k1 is a material parameter for the anisotropic material, mainly collagen (collagenani), arranged in a double helix symmetrically around the circumferential direction. This parameter is the principle determinant of collagenani stiffness in the small stretch region of the pressure-radius response (pressure below physiological level), where the crimped collagen molecules are primarily straightened and the tissue is resilient. As for c, the parameter k 1 is not equal to the slope of the stress-strain curve, since the slope also depends on the strain.
Parameter k 2 is a parameter related to collagenani. An increasing value for k2 results in a leftward shift of the transition region between the resilient (elastin-dominated) and the stiff (collagen-dominated) parts of the pressure-radius response, thus indicating earlier collagen recruitment.
Parameter ␤ is a parameter describing the pitch angle of collagen ani double helix relative to the circumferential direction. ␤ has no histo- Fig. 1 . A: simultaneously recorded changes in pressure and radius of the abdominal aorta in vivo of a 54-yr-old female during one cardiac cycle. In systole, aortic radius increased rapidly due to the increase in arterial pressure. In diastole, there was a decline in radius as the arterial pressure drops, and the decline in radius was slower than in pressure. B: the average pressure-radius curve based on a mean of 10 consecutive cardiac cycles. The curve is nonlinear and reveals a transition from distensible to stiff behavior at higher pressures. Furthermore, it exhibits hysteresis, i.e., the radius is smaller during expansion than during retraction. logical interpretation: it is simply a (phenomenological) fiber angle resulting in the correct anisotropy, but it may be thought of representing an average collagen fiber angle in the arterial wall.
Parameter R 0 is the radius in the unloaded reference state of the artery.
Parameter z is the axial stretch of the vessel in vivo relative to the unloaded reference state.
The signal from the recorded radius in the abdominal aorta yields a stress-strain curve ( ), which can be described with the formula (52):
where I ϭ 2 ͑cos ␤͒ 2 ϩ z 2 ͑sin ␤͒ 2 , and ϭ R 0
The indexes and z denote the circumferential and axial directions, respectively. denotes circumferential stretch of the vessel in vivo relative to the unloaded reference state, and r0 is the inner radius of the vessel in its physiological state. Note that the stress-strain equation is composed of a part describing elastiniso:
and an exponential part describing collagen ani:
The following parameters can also be calculated (see APPENDIX) . Parameter S SBP is the total wall stiffness in the circumferential direction, i.e., the slope of the stress-strain curve at systolic blood pressure.
Parameter SC SBP is the stiffness of collagenani in the fiber direction, at systolic blood pressure.
Parameter DBP is the fraction of load bearing attributed to collagenani at diastolic blood pressure.
Parameter SBP is the fraction of load bearing attributed to collagenani at systolic blood pressure.
Statistics. Values are expressed as means Ϯ SE. For calculating the relationship between age and the different parameters (c, k 1, k2, DBP, SBP, SCSBP, SSBP, ␤, R0, z), we used linear regression and the Pearson correlation coefficient. For calculating the differences between sex and age categories, we used Student t-test. For comparing the sex differences of regression curves, we included an interaction term (sex ϫ age) and used multiple regression. All statistics were performed with STATISTICA 8.0 (StatSoft, Tulsa, OK). Table 1 shows the demographics of the young, middle-aged, and elderly subjects. Table 2 shows aortic diameters and blood pressures in the young, middle-aged, and elderly subjects. Men had larger aortic diameters than women, P Ͻ0.01. ⌬D and blood pressure did not differ. Young men had smaller diameters but larger ⌬D than elderly men, P Ͻ 0.001. Young women had smaller diastolic diameters, but larger ⌬D than elderly women, P Ͻ 0.05. Figure 3 shows the stiffness relating to elastin iso (c) of the aorta in relation to age in men (Fig. 3A) and women (Fig. 3B) . The c increased with age in men (A), 40.8 Ϯ 6.6 and 192.3 Ϯ 24.4 kPa in the young and elderly group, respectively (P Ͻ 0.001). A high correlation between age and the increase in c was found, with a 394% increase from 25 to 70 yr of age (r 2 ϭ 0.74, P Ͻ 0.001). The c did not increase with age in women (B), 50.5 Ϯ 17.0 and 113.8 Ϯ 37.5 kPa in the young and elderly group, respectively (P ϭ 0.16), and no correlation between age and c was found (P ϭ 0.15). The increase with age was larger in men than women (P Ͻ 0.05), although the mean value of c did not differ (118 Ϯ 20.1 vs. 87.4 Ϯ 16.3 kPa, P ϭ 0.25).
RESULTS
The stiffness (k 1 ) related to collagen ani at aortic pressures below physiological level decreased with age in men, 16.6 Ϯ 3.6 and 1.8 Ϯ 1.4 kPa in the young and elderly group, respectively (P Ͻ 0.01). A high correlation between age and k 1 was found, with a 96% decrease from 25 to 70 yr of age (r 2 ϭ 0.42, P Ͻ 0.01). The k 1 did not decrease with age in women, 8.1 Ϯ 4.1 and 7.3 Ϯ 3.9 kPa in the young and elderly group, respectively (P ϭ 0.81), and no correlation between age and k 1 was found (P ϭ 0.81). The decrease with age was larger in men than in women (P Ͻ 0.05), although the mean value of k 1 did not differ (9.2 Ϯ 4.4 vs. 7.5 Ϯ 4.0 kPa, P ϭ 0.63). Figure 4 shows the constant (k 2 ) coupled to the stress-strain curve of collagen ani in the aorta, in relation to age in men ( Fig.  4A ) and women (Fig. 4B ). The k 2 increased with age in men (A), 7.3 Ϯ 1.8 and 471.1 Ϯ 93.2 in the young and elderly group, respectively (P Ͻ 0.01). A high correlation between age and k 2 was found, with a 7,487% exponential increase from 25 to 70 yr of age (r 2 ϭ 0.85, P Ͻ 0.001). The k 2 increased with age in women (B), 20.4 Ϯ 11.4 and 170.6 Ϯ 57.8 in the young and elderly group, respectively (P Ͻ 0.05). A high correlation between age and k 2 was found, with a 1,297% exponential increase from 25 to 70 yr of age (r 2 ϭ 0.42, P Ͻ 0.01). The group of young men did not differ from the group of young women (7.3 Ϯ 1.8 vs. 20.4 Ϯ 11.4, P ϭ 0.28). The increase with age was more pronounced in men, with a larger k 2 in the group of elderly men than the group of elderly women (471.1 Ϯ 93.2 vs. 170.6 Ϯ 57.8, P Ͻ 0.05). The mean value of k 2 did not differ between men and women, however (202.9 Ϯ 63.5 vs. 98.4 Ϯ 29.4, P ϭ 0.15). Figure 5 shows the load-bearing fraction attributed to collagen ani in the aorta at high ( SBP ) and low ( DBP ) physiological pressures in men (Fig. 5A) and women (Fig. 5B ). There was a significant larger fraction collagen ani load bearing at higher than lower physiological pressure in both men (30.5 Ϯ 3.9 vs. 11.8 Ϯ 3.1%, P Ͻ 0.001) and women (32.9 Ϯ 5.6 vs. 15.6 Ϯ 6.0%, P Ͻ 0.05).
The fraction of the total load bearing in the wall attributed to collagen ani at low physiological aortic pressures ( DBP ) decreased 84% with age in men from 25 to 70 yr of age (r 2 ϭ 0.33, P Ͻ 0.05), although the difference between the young and old group failed to reach significance, 20.2 Ϯ 5.9 and 4.9 Ϯ 4.4%, respectively (P ϭ 0.07). DBP did not decrease with age in women, 21.7 Ϯ 13.1 and 18.3 Ϯ 12.8% in the young and elderly group, respectively (P ϭ 0.86), and no correlation between age and DBP was found (P ϭ 0.83). The decrease with age was not significantly different between sexes (P ϭ 0.45), and the mean value of DBP did not differ between men and women (11.8 Ϯ 3.1 vs. 15.6 Ϯ 6.0%, P ϭ 0.58).
The fraction of the total load bearing in the aortic wall attributed to collagen ani at high physiological aortic pressures ( SBP ) did not change with age in men, 38.4 Ϯ 6.2 and 21.6 Ϯ 7.8% in the young and elderly group, respectively (P ϭ 0.13), and no correlation between age and SBP was found (P ϭ 0.06). SBP did not change with age in women, 37.5 Ϯ 11.8 and 38.5 Ϯ 11.1% in the young and elderly group, respectively (P ϭ 0.95), and no correlation between age and SBP was found (P ϭ 0.96). The mean value of SBP did not differ between men and women (30.5 Ϯ 3.9 vs. 32.9 Ϯ 5.6%, P ϭ 0.73). Figure 6 show the stiffness related to collagen ani at high physiological aortic pressures (SC SBP ), in relation to age in men (Fig. 6A) and women (Fig. 6B) . SC SBP increased exponentially with age in men (A). Due to large variation, no difference between the young and the elderly group was seen, 65.7 Ϯ 26.9 ϫ 10 3 and 37.0 Ϯ 26.8 ϫ 10 6 kPa, respectively (P ϭ 0.21). However, a high correlation between age and SC SBP was found, with a 16,500% increase from 25 to 70 yr of age (r 2 ϭ 0.46, P Ͻ 0.01). SC SBP did not increase with age in women (B), 3.05 Ϯ 1.9 ϫ 10 6 and 0.34 Ϯ 0.19 ϫ 10 6 kPa in the young and elderly group, respectively (P ϭ 0.20), and no correlation between age and SC SBP was found (P ϭ 0.73). The increase with age was larger in men than women (P Ͻ 0.05), although the mean value of SC SBP did not differ between men and women (49.9 Ϯ 37.8 ϫ 10 6 vs. 2.0 Ϯ 0.8 ϫ 10 6 kPa, P ϭ 0.22). Figure 7 shows the global aortic wall stiffness (combined effect of elastin iso and collagen ani ) in the circumferential direction at high physiological aortic pressures (S SBP ), in relation to age in men (Fig. 7A) and women (Fig. 7B) . S SBP increased with age in men (A), 0.99 Ϯ 0.18 and 5.69 Ϯ 1.09 MPa in the young and elderly group, respectively (P Ͻ 0.01). A high correlation between age and S SBP was found, with a 427% increase from 25 to 70 yr of age (r 2 ϭ 0.55, P Ͻ 0.01). S SBP increased with age in women (B), 1.27 Ϯ 0.26 and 3.99 Ϯ 0.82 MPa in the young and elderly group, respectively (P Ͻ 0.05). A high correlation between age and S SBP was found, with a 204% increase from 25 to 70 yr of age (r 2 ϭ 0.40, P Ͻ 0.05). Although S SBP seemed to increase more in men with age (427 vs. 204%), this failed to reach significance (P ϭ 0.13). However, if the middle-aged and elderly groups were compiled, there was a tendency for men having greater S SBP than women (4.91 Ϯ 0.92 vs. 2.95 Ϯ 0.54 MPa, P ϭ 0.06), while young men did not differ from young women (0.99 Ϯ 0.10 vs. 1.27 Ϯ 0.26 MPa, P ϭ 0.41).
The angle (␤) between the circumferential direction and the collagen helices of the aorta decreased with age in men, 47.1 Ϯ 0.9 and 39.0 Ϯ 1.3°in the young and elderly group, respectively (P Ͻ 0.01). A high correlation between age and ␤ was found, with an 18% decrease from 25 to 70 yr of age (r 2 ϭ 0.67, P Ͻ 0.001). The ␤ decreased also in women, 46.5 Ϯ 1.2 and 37.7 Ϯ 0.2°in the young and elderly group, respectively (P Ͻ 0.001). A high correlation between age and ␤ was found, with an 18% decrease from 25 to 70 yr of age (r 2 ϭ 0.82, P Ͻ Fig. 3 . Stiffness relating to isotropic elastin (elastiniso) (c) in the aorta in relation to age in men (A) and women (B). c increased with age in men (), r 2 ϭ 0.74, P Ͻ 0.001, but not in women (OE). The unloaded radius of the aorta (R 0 ), in relation to age, increased with age in men, 5.75 Ϯ 0.23 and 9.19 Ϯ 0.47 mm in the young and elderly group, respectively (P Ͻ 0.001). A high correlation between age and R 0 was found, with a 66% increase from 25 to 70 yr of age (r 2 ϭ 0.77, P Ͻ 0.001). R 0 increased also in women, 5.22 Ϯ 0.50 and 7.63 Ϯ 0.57 mm in the young and elderly group, respectively (P Ͻ 0.05). A high correlation between age and R 0 was found, with a 46% increase from 25 to 70 yr of age (r 2 ϭ 0.49, P Ͻ 0.01). The increase was similar between sexes (P ϭ 0.10), and the mean value of R 0 did not differ between men and women (7.69 Ϯ 0.45 vs. 6.55 Ϯ 0.37 mm, P ϭ 0.06). Figure 8 shows the axial stretch ( z ) of the aorta, in relation to age in men (Fig. 8A) and women (Fig. 8B) . The z decreased with age in men (A), 1.053 Ϯ 0.003 and 1.013 Ϯ 0.003 in the young and elderly group, respectively (P Ͻ 0.001). A high correlation between age and z was found, with a 4% decrease from 25 to 70 yr of age (r 2 ϭ 0.67, P Ͻ 0.001). The z did not decrease with age in women (B), 1.097 Ϯ 0.042 and 1.032 Ϯ 0.013 in the young and elderly group, respectively (P ϭ 0.18), and no correlation between age and z was found (P ϭ 0.09). The decrease with age did not differ significantly between Each circle represents an individual. Solid lines represent means. SBP, systolic blood pressure; DBP, diastolic blood pressure. There was a significant larger fraction of collagenani load bearing at systolic than diastolic pressure in both men (), P Ͻ 0.001, and women (OE), P Ͻ 0.05.
sexes (P ϭ 0.72), and the mean value of z did not differ between men and women (1.033 Ϯ 0.010 vs. 1.052 Ϯ 0.016, P ϭ 0.27). Table 3 shows the cumulative data of age-related changes in the model parameters and the computed parameters, as well as the differences in change with age between sexes.
DISCUSSION
The main findings in this study were as follows. 1) It is possible to characterize the mechanical properties in the human aorta in vivo with aid of a new mechanical model. 2) The magnitudes of the material parameters relating to both isotropic (elastin iso ) and anisotropic material (collagen ani ) stiffness, mainly elastin and collagen, were in agreement with earlier in vitro studies.
3) The load-bearing fraction attributed to collagen ani oscillated from 10 to 30% between diastolic and systolic pressures during the cardiac cycle. 4) With increasing age, stiffness of elastin iso increased in men, and an exponential increase in collagen ani stiffness at high physiological pressure was found. 5) A marked sex difference was observed, with a much larger age-related effect on elastin iso and collagen ani stiffness in men.
The age-related remodeling of arteries occurs mainly in the aorta, resulting in increased aortic diameter and stiffness (2, 26) . Furthermore, the increased aortic diameter is accompanied by compensatory thickening of the wall and outward hypertrophic remodeling, preventing circumferential stress from increasing (4). Remodeling of arteries and the organization of the media thus seem to correspond to the distribution and magni- Fig. 8 . Axial stretch () of the aorta, in relation to age in men (A) and women (B). decreased with age in men (), P Ͻ 0.001, but not in women (OE). tude of mechanical stresses (8) . Blood pressure and arterial geometry are the main determinants of tensile stress, creating radial, longitudinal, and circumferential components, affecting all cells in the vessel wall. On the other hand, shear stress, resulting from the friction of blood against the luminal side of the vessel wall, mainly affects the endothelial cells. Mechanical stimuli are sensed via focal adhesion sites, integrins, cellular junctions, and the extracellular matrix (30) . The stimuli are mediated through tyrosine kinase-dependent mechanisms inducing mRNA expressions of transforming growth factor-␤, and mRNA expressions of collagen types 1 and 4 (23) . Thus vascular smooth muscle cell production and secretion of collagen to the extracellular matrix is induced (30, 31) . The aortic wall is multilayered with elastin, collagen, and, to a lesser extent, smooth muscle cells, proteoglycans, fibronectin, and fibrillin being the contributors to the mechanical properties of the wall (17, 36) . Aging of the aortic wall is associated with decreased levels of elastin and increased levels of collagen and metalloproteinase-2, resulting in thinning, splitting, and fraying of the medial elastic lamellae (12, 43, 54) .
The aortic media seems to be the main contributor to wall stiffness, although the adventitia and, in the elderly, the intima also may be of importance (21, 36, 44) . In vitro models analyzing the different contributions of elastin and collagen to the mechanical behavior show that the primary contributor is elastin in the unloaded state (33) , and that collagen involvement becomes gradually larger with pressure in the aorta (57) .
A novel method was used to examine different mechanical parameters in vivo, with aid of simultaneously recorded pressure and radius curves from the aorta (Fig. 1) (52) . With a strain-energy function, a set of parameters are computed and characterized from the nonlinear deformation and material behavior observed for arteries (Fig. 2) . The strain-energy used in this study (APPENDIX, Eq. A2) differs from the one used by Schulze-Bauer and Holzapfel (45) and allows for a better fit to young subjects, particularly in the low-pressure region where the collagen recruitment is small and the mechanical behavior is primarily determined by the isotropic material. Furthermore, the strain-energy used better accounts for the structure of the true soft tissue by separating the isotropic (elastin iso ) and anisotropic materials (collagen ani ) (45) . The arterial wall is assumed to be a membrane in this study. This implies that the wall thickness is negligible compared with the radius. This assumption is questionable for the abdominal aorta, where the wall thickness-to-radius ratio is ϳ0.1-0.2 (4). In addition, the abdominal aortic wall has three distinct layers with separate mechanical properties that should be accounted for in a truly correct model (21) . From a parameter identification point of view, however, this high resolution is likely to introduce dependencies among the parameters (51) . Furthermore, the parameters from a membrane model can be thought of as averages describing the global response of the three layers. The proposed parameters are, therefore, sufficient for studies of age and sex-related changes in the aorta. The proposed model does not include the residual stress present in arteries (14, 19) . The major role of the residual stress is to redistribute the stress field in such a manner that it becomes transmurally uniform (19) . In a membrane model, the transmural variation in both the stress and stretch fields is neglected, and the inclusion of a residual stress would only shift the stress level upwards. We, therefore, assume that the levels of the membrane stresses are close to the stresses in the arterial wall in situ. This assumption is also motivated by the fact that the model is tuned to the stress field obtained by a global stress balance.
The parameter c relating to the stiffness of elastin iso increased with age in men (Fig. 3A) and corresponds well with earlier in vitro and in vivo studies on global stiffness of the aortic wall (50, 57) . In addition, c equals the shear modulus (53) and is related to Young's modulus E through E ϭ 2c(1 ϭ ), for a linear elastic material, where is Poisson's ratio. For an incompressible material ϭ 0.5, and the magnitude of c is in agreement with earlier reported values for Young's modulus of elastin in the aorta (57) . Elastin has a low turnover rate (half-time ϭ 70 yr) (42) , and with increasing age becomes glycated, which might contribute to the increased stiffness, despite the decrease in elastin content due to elastolysis (12, 22, 24) .
The magnitude of the material parameter k 1 relating to stiffness of collagen ani at low stretch (pressure below physiological level) was in reasonable agreement with in vitro results for coronary arteries (RESULTS) (21) . The contribution of collagen to arterial stiffness is quite small during low pressures, and elastin may be the important determinant of stiffness, although with augmented pressure the involvement of collagen increases (3, 33, 36) . Nevertheless, the total load-bearing fraction in the aortic wall attributed to collagen ani () oscillated from 12 to 31% between diastolic and systolic pressures during the cardiac cycle in men (Fig. 5A) . During aging, the recruitment of collagen ani began at lower pressures, probably due to increased cross-linking during maturation and glycation of the collagen fibers (Fig. 4A) (5) . k 1 , the stiffness of collagen ani in the small stretch region (pressure below physiological level), decreased somewhat with age (RESULTS), but the impact on global stiffness is probably negligible (33, 36) . The reduction in stiffness of collagen ani at subphysiological pressures may be due to isotropic expansion of the collagen network, since accumulation of c, Stiffness of isotropic elastin; k1, stiffness of anisotropic collagen at subphysiological pressure; k2, constant coupled to the inflection point of the stress-strain curve of anisotropic collagen; DBP and SBP, load-bearing fractions attributed to anisotropic collagen at low and high physiological pressures, respectively; DBP, diastolic blood pressure; SBP, systolic blood pressure; SCSBP, stiffness of anisotropic collagen in fiber direction at high physiological pressure; SSBP, global stiffness in circumferential direction; ␤, fiber angle of anisotropic collagen; R0, unloaded radius of aorta; z, axial stretch of aorta in relation to the reference state; NS, nonsignificant. ¡, No change with age. Up and down arrows denote increased and decreased change, respectively, with age: 2 or 1 , P Ͻ 0.05; 1 1 or 22, P Ͻ 0.01; 111 or 222, P Ͻ 0.001. glucosaminoglycans with a high content of carbohydrate groups makes the folded collagen molecules easier to spread out and bind large volumes of water (9, 47) . Thus dry weight of the aortic wall decreases with age, despite an increase in wall thickness, indicating a more humid environment (4, 7) . The entanglement between the collagen molecules is reduced with a subsequent softening in analogy with the process of swelling in rubber [rubber is an organic polymer, like soft tissue (53) ].
The DBP was reduced with age at the level of diastolic pressure (RESULTS). This fraction is determined not only by collagen ani and elastin iso , but also the circumferential strain, and one reason for the decrease could be the reduced circumferential strain with age (Table 2) . Furthermore, the increase in vessel radius with age generates augmented stress, resulting in new synthesis of collagen in the fiber direction, leading to maintained stretch of the individual fibers (4, 9, 12, 16, 30 ). An alternative explanation for the decreased load bearing with age is a more random distribution of newly synthesized collagen fibers, which then would be incorporated in the isotropic materials, by the mechanical model. At higher pressures, however, the stretching of the unfolded collagen fibers seems to generate an exponential increase in stiffness (SC SBP ) with age ( Fig. 6A ). This may be due to increased glycation, as well as changed isoforms of collagen in the aortic wall (39) . Furthermore, a marked increase in global stiffness at higher pressures (S SBP ) was observed, and an exponential increase in global stiffness of the aortic wall with age has previously been reported (Fig. 7A) (50) .
The orientation of collagen fibers seems to be helical within the media and more longitudinal toward the adventitia (8, 20, 41) . The mechanical model used in this study does not account for the variation of fiber orientation within the wall, since it is a membrane model, and ␤ is a phenomenological parameter controlling the orthotropy and not the true fiber angle measured in histological studies. ␤ was ϳ40°, in accordance with earlier in vitro findings (RESULTS) (19, 20) . In the cardiac cycle, the aortic diameter increases during systole, and the collagen fibers become more circumferentially oriented due to stretch of the network of helices (Table 2 and Fig. 1) (6) . The unloaded radius (R 0 ) of the aorta increased with age in men, corresponding to earlier in vivo studies (RESULTS) (4) . The remodeling of the aortic wall with increased radius with age seems to have a similar effect on the orientation of the fiber angle of the anisotropic material (RESULTS).
The stretch ( z ) of the aortic wall in longitudinal direction was ϳ5% from the unloaded state (Fig. 8A) . Earlier in vitro studies on human arteries have shown a stretch of 7-10% in medium-sized arteries (46) . Learoyd and Taylor (29) found a 25% stretch of the aorta, but the experimental design in vitro might have led to confounding results. Since elastin seems to provide the major longitudinal retractile force in human iliac arteries and collagen bears load mainly in the circumferential direction, the age-related degradation of elastin would explain earlier finding of increased longitudinal arterial stiffness, as well as our finding of a decreased axial stretch ( z ) with age ( Fig. 8A) (10, 11, 29, 46, 48) .
Earlier studies have indicated a more accelerated aging process in the aorta in men than in women. Both the agerelated increase in diameter, as well as stiffness, are more accentuated in men than in women (1, 27, 50) . Furthermore, the age-related remodeling in the aorta seems to differ between the sexes, with an insufficient compensatory increase in wall thickness in men in response to increased diameter to reduce tensile stress (4) . However, it must be emphasized that our findings cannot be extrapolated to the aorta as a whole, since both histology and pulse-wave velocity have indicated differences between the thoracic and abdominal aorta (34, 50, 56) . Our data add further knowledge and enhance earlier studies, indicating a marked difference in age-related changes within the aortic wall between the sexes; c (stiffness relating to elastin iso ), k 1 (stiffness relating to collagen ani at subphysiological pressure), as well as SC SBP (stiffness relating to collagen ani at high physiological pressures) were unchanged with age in women in contrast to men, in whom a highly significant age-related effect was seen (Table 3 , Figs. 3  and 6 ). The fact that the female aortic wall seems much less affected by age could be due to a number of factors. Sex hormones affect arterial wall properties (55) , and postmenopausal hormone replacement therapy in women seems to reduce arterial stiffness (40) . Both estradiol and progesterone decrease the collagen-to-elastin ratio in the aortic wall (13) . Furthermore, testosterone increases matrix metalloproteinase-3 activity in the aortic wall, degrading elastin and fibrillin-1 and supporting the fact that the female sex seems protective from elastolysis (35, 49) . Based on data from a large-animal model, Qui et al. (39) recently suggested that the larger increase in arterial stiffness of men is attributed to both decreased elastin content and changed collagen isoforms from type 3 to type 8. This fit well with the sex-specific differences in mechanical properties of the aorta found in our study. To note, this study was performed on healthy subjects, and the results cannot be extrapolated to subjects with cardiovascular risk factors and premature aging.
In conclusion, with aid of a new mechanical model, it is possible to characterize the mechanical properties in the human aorta in vivo. The magnitudes of the material parameters relating to the stiffness of collagen ani and elastin iso were in agreement with earlier in vitro studies. The load-bearing fraction attributed to collagen ani oscillated from 10 to 30% between diastolic and systolic pressures during the cardiac cycle. With increasing age, stiffness of elastin iso increased in men, despite the decrease in elastin content that has been found due to elastolysis. Furthermore, an exponential increase in stiffness of collagen ani at high physiological pressure was found. This might be due to increased glycation, as well as changed isoforms of collagen in the aortic wall with age. A marked sex difference was observed, with a much less age-related effect on the stiffness of both elastin iso and collagen ani in women. Possible factors of importance could be the effect of sex hormones, as well as differing collagen isoforms between sexes (39) . Thus men and women should be studied separately when analyzing age-related effects on the mechanical properties of the aorta.
APPENDIX
In this appendix, we briefly describe the method used for identifying the unknown model parameters, and we give a derivation of the stress-strain relation and the stiffness. For full details of the method, the reader is referred to Stålhand (52) .
The method comprises two parts: first, the measured signals are preconditioned (treated) in signal processing routine, and, second, the resulting parameters are computed through a nonlinear parameter identification.
Signal Processing
The signal processing routine is divided into five steps, see Fig. 9 .
Step 1 is a low-pass filtering of the measured pressure and radius signals to remove high-frequency noise.
Step 2 is an automatic realignment of the pressure and radius signals to correct for a time delay introduced by the measurement setup (25) . The realignment is done in the following way: first, compute a predicted pressure signal for a given time delay from the radius signal by using standard techniques in system identification, and, second, compute a prediction error by comparing predicted and measured pressures. The time delay associated with the setup is then taken to be the time delay that gives the lowest prediction error. Steps 3 and 4 extract consecutive pressureradius pulse cycles and compute an average-like pulse cycle, respectively. The average-like pulse cycle is plotted together with the measured signals and is shown in Fig. 9 (bottom left) . Finally, step 5 performs a resampling to equidistant samples along the average-like pulse cycle and returns the preconditioned pressure and radius signals P* and r*, respectively. If a resampling is not performed, the timedependent samples will be clustered along the lower part of the diastolic flank, and this has a negative effect on the parameter identification.
Parameter Identification
The model includes six unknown parameters that must be identified. These parameters are as follows: the unloaded vessel's inner radius R 0, the in situ axial stretch z, the material constant c describing the isotropic constituents (mainly elastin, but also proteoglycans, fibronectin, fibrillin, and hyaloronan), the material constants k 1 and k2 describing the anisotropic material (mainly collagen), and the pitch angle ␤ of the anisotropic material with respect to the circumferential direction. The identification process is reminiscent of a multilinear least squares method, but, because of the nonlinearity, parameters must be determined through an iterative process. Let the input to the parameter identification be P* and r*, together with an initial guess for the parameters above, see Fig. 10 .
Step 1 computes the Laplace stresses in the circumferential and axial directions lp and zz lp , respectively, for each point in the P*-r* pulse cycle by Eqs. A2 and A3.
Step 2 computes the circumferential and axial constitutive stresses and zz, respectively, given by Eqs. A6 and A7. An illustration of the two stresses is shown in Fig. 10 (bottom left) , where the dotted line represents the Laplace stress, and the dashed line is the constitutive stress.
Step 3 computes the error between the stresses in steps 1 and 2. The error at iterate k is taken to be the summed squared difference given by
where n is the current sample, and N is the total number of samples along the P*-r* pulse cycle.
Step 4 checks if the error has met some convergence criteria. If it is true, the resulting parameters have been found; if it is not true, the parameters are updated, and steps 2-4 are repeated until convergence. This will give a successively better fit between the dotted and dashed curves, as indicated in Fig. 10 . The iterative process is done using a standard function fmincon in Matlab (The Mathworks).
Mechanical Model
Finally, for completeness we also give a derivation of the mechanical model used. Let the abdominal aorta be given by a thin-walled, incompressible cylinder of length l and inner and outer radius r 0 and r1, respectively, in its physiological state, see Fig. 11 . Assume that the Fig. 9 . A schematic description of the signal processing routine. The measured pressure and radius signals, P(t) and r(t), respectively, are input to the routine, and the pressure and radius signals, P* and r*, respectively, are the output. The average-like cycle obtained by plotting P* against r* is shown in the bottom left as a solid line, while the dashed lines are obtained by plotting measured signals P(t) against r(t). Fig. 10 . A schematic representation of the parameter identification process. ek, Error at iterate k; r0, inner radius of the vessel in its physiological state. Fig. 11 . The pressurized physical (deformed) state and the stress-free reference (excised) state. L, length; r1, outer radius; R0 and R1, inner and outer radii, respectively; A, cross-sectional area.
